Convection-enhanced delivery (CED) is an investigational therapy developed to circumvent the limitations of drug delivery to the brain. Catheters are used in CED to locally infuse therapeutic agents into brain tissue. CED has demonstrated clinical utility for treatment of malignant brain tumors; however, CED has been limited by lack of CEDspecific catheters. Therefore, we developed a multiport, arborizing catheter to maximize drug distribution for CED. Using a multiphasic finite element (FE) framework, we parametrically determined the influence of design variables of the catheter on the dispersal volume of the infusion. We predicted dispersal volume of a solute infused in a permeable hyperelastic solid matrix, as a function of separation distance (ranging from 0.5 to 2.0 cm) of imbedded infusion cavities that represented individual ports in a multiport catheter. To validate the model, we compared FE solutions of pressure-controlled infusions to experimental data of indigo carmine dye infused in agarose tissue phantoms. The T c50 , defined as the infusion time required for the normalized solute concentration between two sources to equal 50% of the prescribed concentration, was determined for simulations with infusion pressures ranging from 1 to 4 kPa. In our validated model, we demonstrate that multiple ports increase dispersal volume with increasing port distance but are associated with a significant increase in infusion time. T c50 increases approximately tenfold when doubling the port distance. Increasing the infusion flow rate (from 0.7 lL/min to 8.48 lL/min) can mitigate the increased infusion time. In conclusion, a compromise of port distance and flow rate could improve infusion duration and dispersal volume.
Introduction
Convection-Enhanced Delivery. Glioblastoma (GBM) is a highly aggressive form of astrocytic brain cancer responsible for 46.6% of malignant brain tumors [1] . Standard treatment consisting of surgery followed by adjuvant radiation is only partially effective. Treatment rarely eliminates the entire primary tumor resulting in continued growth, or regrowth, from distantly infiltrating malignant cells [2] [3] [4] . These malignant cells are often intrinsically resistant to available chemotherapeutic agents and significantly reduce the efficacy of drug treatments [5, 6] . Furthermore, overcoming the blood brain barrier and blood tumor barrier to achieve sufficient drug concentration at the treatment site remains a challenge [7, 8] . Thus, prognosis is poor with median patient survival time of 15 months and mortality rates exceeding 95% for 5 years postdiagnosis [9] .
One promising approach to circumvent the blood brain barrier is convection-enhanced delivery (CED), which involves intracranial infusion of therapeutic agents via a small catheter inserted into the brain parenchyma [10] [11] [12] . With this technique, high concentrations of large molecular-weight compounds can be delivered to larger regions of the brain compared to diffusiondependent therapies [10] . Preclinical and early phase clinical trials of CED showed promising results for treatment of malignant brain tumors, specifically GBM [13] [14] [15] [16] [17] [18] . However, a phase III clinical trial (known as the PRECISE trial) using CED to treat GBM failed to meet its clinical endpoints. In the PRECISE trial, patients with recurrent GBM were treated with a targeted pseudomonas-based exotoxin, cintredekin besudotox (CB), delivered intracranially using 2-4 commercially available, single-port catheters. Overall survival for the patients treated with CED, compared to the survival of patients treated with carmustine-impregnated implants (Gliadel), showed no significant improvement [19] . Follow-up analyses of the drug distribution using a computational software revealed that the predicted dispersal volume of CB was well below the intended volume target. On average, only 20% of a 2-cm penumbra surrounding the resection cavity was targeted with the cytotoxin [20] . It was hypothesized that the suboptimal outcomes of the trial were linked to the poor coverage achieved during the infusions, suggesting that better delivery of therapeutic agents to the target tissue volume may improve CED.
The PRECISE trial highlighted the need for better delivery systems. CED infusion poses unique challenges that must be addressed with CED-specific catheter technologies. For example, a common drawback of CED is reflux of drug along the insertion tract, which results in ineffective drug distribution and premature termination of the CED therapy. Thus, reflux-arresting properties such as a "step change," in which the diameter of the catheter changes along the distal tip of the catheter, are incorporated in investigational CED-specific catheters [21] [22] [23] [24] [25] . Another major challenge of treating GBM is the highly infiltrative nature of the disease. Malignant cells extend centimeters beyond the resolvable tumor mass, deep into the surrounding healthy tissue. Clinical recurrences of the primary tumor in the adjacent areas necessitate extended delivery to treat infiltrative cells [26] . With the focus for extending the dispersal volume of the infusate for CED, Infusion Therapeutics, Inc., (Cleveland, OH) designed a catheter (Cleveland Multiport Catheter TM ) that offers multiple ports of infusion originating from a single insertion tract [27] . Others have opted for a different approach and are investigating intermittent, chronic delivery of therapeutics using catheters that are permanently implanted and accessed via a port on the side of the cranium [28] .
Arborizing Catheter. Our research group developed the "arborizing catheter" to achieve broad drug dispersal volume (Fig.  1) . The catheter consists of a primary cannula approximately 3 mm in outer diameter. From the primary cannula, hollow optical fibers deflect around the axis of the last undeflected optical fiber at the center. Each fiber, termed "microneedle", is a fluid port, inserted individually into the tissue at the desired depth to direct the dispersal of the infused drug. To evaluate the performance of the arborizing catheter compared to single-port catheters, we conducted infusion studies which are described elsewhere [29] . Briefly, we quantified volume dispersed (V d ) and mean distribution ratio (volume dispersed to total volume infused: V d :V i ) of indigo carmine dye infused in 0.6% (w/w) agarose gels for three experimental groups (Table 1) . Results showed that the arborizing catheter is advantageous at increasing V d over a single-port catheter. However, V d :V i , which can be thought of as an effectiveness value of drug dispersal, was lower than expected for the arborizing catheter. This is possibly due to too much overlap in the distribution volume from each microneedle. Using computational models to test various design concepts is an economical and effective approach to optimize the design of the arborizing catheter. Thus, the goal of this study is to use computational models to simulate infusion conditions and parametrically explore how the separation distance of adjacent microneedles in the arborizing catheter and flow rates affect dispersal volume.
Methods
Biphasic With Solute Theory. The biphasic-solute model, based on the theory of incompressible mixtures, consists of a permeable solid matrix, a solvent, and a solute. We assume the volume fraction of the solute is negligible compared to the solid and solvent fractions. In addition, the friction within the fluid (i.e., solvent and solute viscosity) is assumed negligible relative to the friction between the solid and solvent (i.e., permeability). The complete derivation of the governing and constitutive equations can be found in the published literature [30] [31] [32] [33] .
In our biphasic finite element (FE) model, the solid phase representing the porous tissue phantom made from 0.6% (w/w) agarose gel is denoted as a ¼ s, the solvent represents de-ionized water (a ¼ w), and the solute (or infusate) represents indigo carmine (MW $ 446 Da, a ¼ a). We assumed that all constituents are neutrally charged and intrinsically incompressible; thus, the true density (q a T ) is invariant for each constituent. Using the generalizations for the balance of linear momentum, along with the constitutive equations for the mixture stress [34] , and using the solvent and solute electrochemical potentials presented in Mauck et al. [30] result in the following momentum equations for the mixture, solvent, and solute, respectively,
where p is the fluid pressure, r e is the elastic solid stress in the matrix, u w is the volume fraction for the solvent, R is the universal gas constant, h is the absolute temperature, and c is the concentration of the solute on a solution-volume basis. Additionally, v a is the velocity of the constituent a, and f ab is the diffusive drag force between the constituents a and b (with f ab ¼ f ba ). The nonzero diffusive drag coefficients are related to the hydraulic permeability (k) of the solvent through the solid matrix, the solute diffusivity in the mixture (D), and the solute diffusivity in the free solution (D 0 ) [31] by
The governing equations for mass balance of the mixture, solvent, and solute phases, in the absence of chemical reactions, are
where
T is the apparent density for the constituent a, and u a is the volume fraction for each constituent. Inverting the balance of linear momentum equations (2) and (3) 
as functions of their respective driving forces utilizing relations of the permeability and diffusivity to diffusive drag coefficients described in Ateshian et al. [32] and Mass et al. [33] .
Model Validation. To validate the above model, we compared dispersal volume of indigo carmine dye in agarose from infusion experiments to numerical predictions of solute dispersal in a biphasic medium from pressure-driven infusion simulations. The geometry for the model consists of a cube with an embedded spherical cavity of initial radius r 0 ¼ 0.18 mm, which corresponds to the inner diameter of a 28-gauge hypodermic needle. The solid matrix is modeled as a homogeneous, isotropic, neo-Hookean solid. The neo-Hookean model is a hyperelastic material model that, for small strains and rotations, reduces to the linear elasticity model. The FE implementation of this material requires the modulus of elasticity (E) and Poisson's ratio () to be defined. Material properties for agarose were chosen: E ¼ 6 kPa and ¼ 0.4 [35] . The solid volume fraction (u s ) is based on the volume fraction of fibers for the 0.6% agarose gel [36] . Consistent with literature reports, we model the hydraulic permeability tensor as a function of local porosity changes [37] . Specifically, we use the following relationship proposed by Holmes-Mow for the strain-dependent permeability tensor:
where k 0 is the isotropic hydraulic permeability in the reference state, M is the exponential strain-dependence coefficient, b is the power-law exponent, and J is the Jacobian of the deformation gradient, i.e., J ¼ det (F). [38] consistently used in the literature to model hydraulic permeability in brain tissue. We chose M ¼ 1 for this model, which is within the range of 0-5 that has been used in previous infusion simulations [39] [40] [41] . Finally, k 0 ¼ 4.5 mm 4 /N s was chosen parametrically to achieve agreement between the experimental and simulation results. Its magnitude is in agreement with hydraulic permeability values measured in white matter, 2% (w/vol) agarose gel, and those previously used to model brain tissue [39, 40, 42, 43] . Free and effective diffusivity are assumed nearly equivalent and prescribed a value of 6.0 Â 10 À4 and 5.4 Â 10 À4 mm 2 /s, based on the molecular size for indigo carmine in water and extrapolated for room temperature (298 K) using Einstein's relation for diffusivity [44] .
For the model, we assume that all the outer tissue surfaces are exposed boundaries to ambient pressure (zero interstitial pressure and traction free boundary conditions). Taking advantage of symmetry, only an eighth of the geometry was considered for the simulations. The boundary conditions at the symmetry faces include zero displacement, fluid flux, and mass flux. Similar to Chen and Sarntinoranont [40] , we assume zero contact stress (r e ¼ 0) applied to the solid matrix at the porous-fluid interface. To guarantee continuity across element boundaries, we prescribe the effective fluid pressure ðpÞ rather than the interstitial fluid pressure (p), wherep ¼ p À Rh/c; R is the universal gas constant, h is the absolute temperature, / is the osmotic coefficient, and c is the solute concentration [33] . Infusion pressure (i.e., the effective fluid pressure) was prescribed to the spherical boundary of the cavity to induce an average flow rate of approximately 1 lL/min and 7 lL/min and compared to experimental data [29] . Infusion pressure was ramped rapidly with ramp time (t 0 ) of 1 s and held constant for the duration of each simulation. Solute concentration is only continuous across an interface in the case of ideal solubility; thus, we solve for the effective solute concentration (c) instead [45] . The arising boundary value problem was solved with FEBio (version 2.6.4
2 ). We used PreView (version 1. 20 2 ) to create a mesh consisting of eight-node trilinear hexahedral elements with a mesh bias toward the infusion cavity. The effective solute concentration present in the solid was compared to the prescribed concentration at the infusion cavity in a mesh convergence study. Increasing the number of elements decreased the percent error between the prescribed concentration and the max concentration of elements at the boundary of the infusion cavity. A mesh with 1296 elements, biased toward the infusion cavities, resulted in less than 1% error for the simulations. Thus, meshes for all the simulations were at least 1296 elements.
We normalized the effective solute concentration values given by the FE solution and used a threshold of 0.1% of the normalized effective solute concentration (c n ) to calculate V d . We chose the threshold based on experimental calibration of grayscale intensity threshold values to known serial dilutions of 5% (w/w) stock concentration of indigo carmine with 0.6% agarose gel. This resulted in uniform gels of known concentrations of indigo carmine ranging from 0 to 1% of the stock solution. We captured images of the gels in similar lighting as the original experimental infusions. We then converted these images into grayscale images normalized to intensity values ranging from 0.0 (black) to 1.0 (full intensity or white). Global intensity threshold values were calculated (using a MATLAB algorithm based on Otsu's method) for each image. The calculated V d from the simulations for time 20-100 min were compared with derived V d from experiments for the same infusion duration.
Parametric Simulations. After the validation of our FE model, we simulated infusions using two individual ports from a multiport catheter. Our model geometry was adjusted to include two infusion cavities, representing catheter source ports (Fig. 2) . The sources are spaced along the x-axis at a separation distance (d) ranging from 0.5 to 2.0 cm as measured from the center of each cavity. The y, z length dimensions for the cube are equal to the separation distance, which was approximately 275-times greater than r 0 . This ensures that changes in interstitial pressure, displacement, and fluid velocity are negligible beyond such a distance from the infusion site [46, 47] .
Magnitude for the infusion pressure was varied between 1 and 4 kPa depending on the experimental protocol. At the higher infusion pressures, lowering v helped achieve convergence of the model. Thus, v ranged from 0.35 to 0.4. Additionally, a constant effective solute concentration was prescribed at the spherical boundary of the cavities. Table 2 presents a summary of the biphasic finite element model parameters for this study.
We calculated the volumetric flow rate utilizing the resultant deformation of the infusion cavity per time-step and the flux with the current surface area of the cavity. Because the volumetric flow rate is a function of time, we averaged the values from t 0 to 100 min for each simulation. Additionally, we defined and computed T c50 as the infusion time for the effective solute concentration at the midpoint between the two infusion cavities to be 50% (or 0.5) of the prescribed solute concentration at the infusion cavities.
Results
Figure 3(a) shows the intensity threshold values corresponding to the known diluted concentrations of the dye stock solution. The intensity threshold used to calculate V d for the infusion experiments was 0.22 6 0.03, which corresponds to a concentration of 0.09% of the stock solution. Therefore, we used 0.1% of the normalized effective concentration as a threshold to calculate V d in the FE simulations. V d values were calculated from simulations for continuous infusion ranging from 20 to 100 min and compared with single-port experimental infusions as shown in Fig. 3(b) . The simulation labeled "FE 1 lL/min" resulted in an average flow rate of 0.99 lL/min and was compared to the single-port infusion experiments conducted at a flow rate of 1 lL/min. The results indicate good agreement at all time points. The percent difference between the average V d for experiments and the FE model is <4%, for time 60-100 min, but higher at earlier time points. For the 20-and 40-min time points, the percent difference is 11.0% Figure 4 shows the prescribed infusion pressures ranging from 1 to 4 kPa versus the resultant average flow rates calculated after the rapid ramp time of 1 s and up to 100 min. Consistent with Chen and Sarntinoranont [40] , we found that the predicted relation between infusion pressure and the average flow rate was nonlinear. Small changes in infusion pressure resulted in greater changes in the average flow rate. The minimum flow rate achieved by 1 kPa was 0.72 lL/min and the maximum flow rate, 8.48 lL/ min, was achieved at the infusion pressure of 4 kPa. By comparison, clinically relevant flow rates for CED range from 0.5 to 10 lL/min [13, 16, 19, 46, 48, 49] . Infusion pressure of 1.3 kPa and 3.5 kPa resulted in an average flow rate of 0.99 lL/min and 6.92 lL/min, respectively. These infusion pressures were prescribed for validating the model by comparing with infusion studies performed at a constant flow rate of 1 lL/min and 7 lL/min. The percent error between the average flow rates results from the FE simulation and the experimental flow rates is 1.14% and 1.04% for the 1 lL/min and 7 lL/min flow rates, respectively. Figure 5 demonstrates the simulation results for infusion pressures ranging from 1 to 4 kPa for infusion cavities spaced 1.5 cm apart (center to center). Due to symmetry, only an eighth of the geometry is represented in the model. The two infusion cavities are shown in the bottom corners. Contour plots show the spatial distribution ofc n at 300 min of continuous infusion. At this time, the simulations prescribed 1 kPa and 2 kPa show an area between the two sources in which thec n is below 10% or 0.1. For these infusions, 300 min of continuous infusion would not be sufficient for complete coverage of the volume target if a concentration >10% of the infused therapeutic agent was required for efficacy. At 300 min, some overlap in the spatial distribution of the solute concentration between the two sources is demonstrated for the 3 kPa case. Finally, the 4 kPa case achieves significant overlap between the two sources withc n >50%.
For each simulation, the calculated T c50 indicates the time at which the concentration overlap at the midpoint between the Fig. 2 (a) FE model geometry of the biphasic solid with two embedded infusion cavities (i.e., source ports) and (b) constant infusion pressure applied at a rapid ramp time of t 0 and constant effective solute concentration were applied at the inner surface boundary of the infusion cavities. Zero interstitial pressure and traction free surface boundary conditions were applied at the outer boundaries of the solid. sources reached 0.5% or 50% of the prescribed concentration at the infusion cavities. Figure 6 shows a summary of the parametric results indicating T c50 values (in hours) as a function of port separation distance for various flow rates. As the separation distance increases, V d increases. However, T c50 drastically increases as shown by the two orders of magnitude change in the logarithmic scale of the y-axis (approximately 100 h). Lowering T c50 to a more manageable total procedure time would require infusion flow rates to be increased. For example, increasing infusion pressure from 1 to 4 kPa will result in ten times higher flow rate, which would decrease the T c50 by approximately 32 h. This is at the cost of lowering V d :V i as we found in infusion experiments (Table 1) .
In this study, we chose to define T c50 whenc n midway between the two sources reached 50%. However, this concentration is somewhat arbitrary as the minimum effective dose is specific to the therapeutic agent. Therefore, we performed a separate analysis to understand the time required to reach a distribution overlap at various solute concentrations between the source ports. Figure 7 shows the time, in hours, required for the solute concentration overlap ranging from 0.1 to 0.5 for port distance ranging from 0.5 to 2 cm and infusion pressures ranging from 1 to 4 kPa. Prescribed infusion pressures, and subsequently, the average flow rate of the infusion, have a greater influence at higher concentration thresholds and at greater separation distances. Additionally, doubling the separation distance between the ports achieves approximately a tenfold increase in time required to reach the specified concentration.
Discussion
In this study, we were interested in understanding how the separation distance of two infusion ports and their prescribed flow rates would influence the dispersal volume and duration of infusion. Maintaining the treatment duration within a manageable period is important for a number of reasons. Chronic CED may be beneficial to achieve large V d , even with lower infusion rates; however, it has not gained wide acceptance and to the best of our knowledge has only been performed in humans outside of the United States. Due to the highly invasive and permanent nature of the procedure, it requires highly specialized infusion equipment for long-term use. Short-term infusions seem to be the more common approach to CED. In the PRECISE trial, CB was administered over 96 h using 2-4 catheters at a total flow rate of 12.5 lL/min, which would result in a flow rate ranging from 3.13 to 6.25 lL/min per catheter [19] . Even if the infusion is continuous over a period of days, it does not guarantee that the therapeutic agent reaches all the affected tissue as revealed in the study conducted by Sampson et al. [20] . Therefore, a more effective Fig. 4 Prescribed infusion pressure versus resultant average infusion flow rates. Flow rates were calculated after the pressure was applied at a rapid ramp to the boundary of the infusion cavity. approach could be to co-infuse the therapeutic with an imaging marker and perform CED under continuous imaging surveillance such as with magnetic resonance imaging (MRI). Feedback of the spatial distribution of the therapeutic can help guide the therapy to ensure proper coverage of the intended volume target [50] [51] [52] . Although this method would be an improvement over "blind" CED, the cost associated with continuous time in the MRI scanner room would undoubtedly increase the overall cost of treatment. Therefore, optimizing the treatment duration would help reduce the cost of the treatment along with reducing overall patient discomfort.
A second option to decrease time of treatment is to decrease the distance between the two ports, however, that would also reduce V d . Thus, in order to maintain good coverage of tissue volume, more ports would be required, which supports the advantage of using a multiport catheter. Finally, infusing at higher flow rates may help decrease infusion time, but it comes at the expense of reducing V d :V i [53] . However, given the high recurrence rates of GBM, maximizing V d to ensure treatment of infiltrated disease may be more important than maximizing V d :V i . With development of targeted drugs and drugs with a wide therapeutic index, peripheral damage of healthy brain tissue is less of a concern when attempting large V d [54] [55] [56] . Nevertheless, higher flow rates may be at risk of inducing adverse effects such as reflux of the infusate along the catheter insertion tract [46] . The prescribed material properties in our model are based on agarose gels, given that we validated our model using experimental data from infusions in agarose tissue phantoms. Although agarose has been commonly used as a substitute for brain tissue in infusion studies [57, 58] , the isotropic, homogenous, and simple geometry of the phantom are very different from the brain. Computed diffusion tensor MRI demonstrates that resistance to flow is anisotropic and heterogeneous in the brain, with white matter having higher hydraulic permeability than gray matter [11, 59] . In addition, abnormal tissue properties in tumor tissue, such as increased tissue stiffness and greater resistance to flow, provide additional heterogeneity that was not accounted for in this model [60, 61] . Our model also neglects perfusion and low-pressure sinks, such as the ventricles and subarachnoid space of the brain. To improve upon this model, both material and geometrical heterogeneity of brain and tumor tissue should be considered. Furthermore, future studies could benefit from validating the model using data from experimental infusions in ex vivo brain tissue.
Another limitation of the study is that the model does not take into consideration the tissue deformation that may occur due to the insertion of the catheter or any reflux, or backward flow, along the insertion tract that is a common issue in CED. To induce flow, we prescribed a constant interstitial pressure at the infusion cavity boundary. However, during CED, a programmable syringe pump is used to control the flow rate of the infusion. For the flowcontrolled case, the interstitial pressure of the cavity is unknown initially; thus, a constant flow rate cannot be prescribed directly with current FE analysis software. Instead, custom-written FE code or additional steps are required to circumvent the nonlinear boundary condition [62] . We are currently working on implementing a flow-controlled version of our model. Nevertheless, the model presented in this study was useful for elucidating how factors of CED therapy, such as infusion flow rate and separation distance of individual ports, influence the distribution of an infused solute in a biphasic material. Additionally, it provided a sense of the design constraints when considering the time that would be required for each infusion given a desired spatial distribution of the infusate.
Conclusions
The infiltrative nature of GBM requires maximizing the dispersal volume of the infused therapeutic to increase the efficacy of CED. Therefore, we must optimize the drug delivery technology for CED in order to make it a viable therapy for GBM. In this study, we found that using multiple ports can be advantageous in increasing the dispersal volume of infused solutes in biphasic material, such as the brain. Increasing the separation distance of individual ports can help increase V d . However, doubling the separation distance of source ports will require approximately ten times longer for the solute spatial distribution between sources to reach a desired concentration. Increasing the flow rate of the infusion mitigates this effect, although caution is required as higher flow rates may aggravate reflux. Finally, a compromise of port separation distance and flow rate could optimize both infusion duration and V d . Such optimization would require clinical guidance and/or adjustment of the treatment parameters based on imaging feedback. 
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